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This research aims to develop a Compton-PET hybrid camera that realizes 
simultaneous dual isotope imaging, contributing to the realization of new molecular 
imaging and innovative medical diagnostic technology. The following three items were 
set up for the objectives. 
1. Research of the scintillation properties for using the Compton-PET detector 
2. Designing the Compton-PET detector 
3. Fabrication of the prototype of Compton-PET hybrid camera detectors and the 
implementation of principle proof of simultaneous imaging of dual radioisotopes by 
using the 18F for PET and 111In for SPECT 
The experimental procedure for achieving the above-mentioned objectives is 
shown below: 
(1) At first, the characteristics of the newly developed scintillators coupled with various 
photosensors were evaluated. 
(2) Second, the design of Compton-PET detectors such as scintillator size, scintillator 
thickness, and readout circuit was determined. 
 
(3) Finally, fabrication of one pair of Compton-PET cameras and performing the 
principle proof using 18F and 111In. 
This thesis consists of 4 chapters.  
Chapter 1 is an introduction and describes the background and purpose of this 
research.  
Chapter 2 is a chapter on experimental methods. Descriptions of photodetectors 
used in combination with new scintillators, evaluation methods of scintillators, definition 
of terms of evaluation methods are described.  
Chapter 3 is a chapter on experimental results and discussions. At first, 
scintillation properties were evaluated by reading a new scintillator Ce:Gd3Ga3Al2O12 
(Ce:GGAG), Eu:SrI2, CeBr3 with a photomultiplier tube and an MPPC array. Eu:SrI2 
showed the most excellent characteristics from the viewpoint of light output and energy 
resolution. Although CeBr3 showed the same amount of light output as Eu:SrI2, the output 
linearity and energy resolution of CeBr3 deteriorates compared to Ce:GGAG and Eu:SrI2. 
There are two reasons the output linearity and energy resolution deteriorated when CeBr3 
is coupled with MPPC array. First reason is the recovery time of MPPC array. The 
recovery time constant of MPPC array was 11.0 ns, which is the same timescale as the 
decay time of CeBr3. It is suggested that the same timescale of recovery time of the MPPC 
and decay time of CeBr3 is the cause of deterioration of output linearity and energy 
resolution. Second reason is the mismatch between MPPC photon detection efficiency 
(PDE) and emission wavelength of CeBr3. The PDE of MPPC at the wavelength of around 
370 nm, which is the peak emission wavelength of CeBr3, is less than 35%. It is the second 
reason why the output linearity and energy resolution of CeBr3 deteriorated when coupled 
with MPPC array. In PET measurement, if the decay time of the scintillator is long, it may 
 
become impossible to measure the data due to piling up of output signals under high 
counting rate environment. From the viewpoint of suppressing the pile-up of the 
waveform, Eu:SrI2 has a potential disadvantage for PET application. Next, Scintillator 
arrays were fabricated by determining the thickness and disposition of detectors from 
scattering probability and photoelectric absorption probability for gamma rays. In 
addition, we designed and fabricated a multi-channel signal processing circuit using a 
dynamic time-over-threshold (dToT) type circuit. We fabricated detector prototype for 
Compton-PET hybrid camera assembling them. Finally, principle verification test of 
multi-tracer simultaneous imaging was carried out. To verify the principle, 111In and 18F 
were used. As the result, we succeeded in independently displaying 111In and 18F by 
separating energy from data obtained by simultaneous imaging of multi tracers. The 
spatial resolution of the detector was evaluated by independently performing image 
reconstruction with a point source. 133Ba and 22Na were used as point radiation source. 
The spatial resolution of 2.6 mm for horizontal and 2.6 mm for vertical direction was 
obtained for PET measurement. The spatial resolution of 14.7 mm for horizontal and 
15.3mm for vertical direction was obtained by using 133Ba. Similarly, the spatial 
resolution of 12.0 mm for horizontal and 13.5 mm for vertical direction was obtained by 
using 22Na for Compton camera measurement. At last, lower energy tracer imaging and 
timing analysis were discussed. For expanding the energy range, the detection of lower-
energy gamma-ray than 20 keV was required. For detection of lower-energy gamma-ray, 
the scintillator that has a high light yield is preferable. Timing analysis suggests that the 
scintillator with fast decay time has advantages for obtaining true counts. 
 
Chapter 4 is a chapter on the conclusion. For the motivation of realization of the 
novel molecular imaging and diagnosis technology by using the Compton-PET hybrid 
camera and its simultaneous dual isotope imaging, I studied for the following objectives: 
• Research of the scintillation properties for using the Compton-PET detector 
• Designing the Compton-PET detector 
• Fabrication of the prototype of Compton-PET hybrid camera detectors and 
implementation of principle proof of simultaneous imaging of dual 
radioisotopes by using 18F for PET and 111In for SPECT 
Based on the objectives described above, the main results of this thesis are 
summarized as follows: 
1. The scintillation properties of Ce:GGAG, Eu:SrI2 and CeBr3 coupled with 
various photodetectors were evaluated. The scintillation properties of each 
scintillator are shown in Table 4-1. 
2. The prototype of Compton-PET detector using Ce:GGAG scintillator array 
was designed. Dedicated dynamic-ToT circuit for Compton-PET detector was 
designed and developed. 
3. An average energy resolution of 15.5% ±  1.3%  was obtained by 
irradiation with 122 keV gamma-ray from 57Co. 
4. The prototype of Compton-PET detector was fabricated and successfully 
performed as the principle proof by using 18F for PET and 111In for SPECT. 
5. The spatial resolution as shown in Table 4-2 was obtained. The value of 
measurement result of spatial resolution matched with calculation value. 
6. For measuring the lower energy tracer precisely, high light yield and fast 
decay time scintillator such as CeBr3 is required. 
 
 
Table 1 Scintillation properties of the Ce:GGAG, Eu:SrI2 and CeBr3 coupled with 
various photodetectors 
 Coupled with PMT Coupled with MPPC 
 Ce:GGAG Eu:SrI2 CeBr3 Ce:GGAG Eu:SrI2 CeBr3 
Energy Resolution 
@ 122 keV 
16.7 6.97 10.2 14.9 11.1 27.3 
Light Yield 
(photon/MeV) 
56000 71000 72000 56000 71000 72000 
Decay time (ns) 150 1400 19 150 1400 19 
Density (g/cm
3




Table 2 The spatial resolution of PET study and Compton camera study 
 PET (22Na) Compton camera (133Ba / 22Na) 
Horizontal 2.6 14.7 12.0 
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1. Introduction 
1.1. Prefaces 
Recently, molecular imaging has been widely applied in clinical applications from 
the viewpoint of deepening the understanding of pathophysiology and early detection of 
tumors. Among all molecular imaging modalities, positron emission tomography (PET) 
and single photon emission computed tomography (SPECT) have made a significant 
contribution to the evaluation of the physiological function and biochemical changes of 
molecular targets. With regard to neurological studies of cardiac, the spatial correlation 
of multi-modal images is complicated by movements by respiration and heart beating. 
Moreover, the heart and thorax are not rigid, which is a hypothesis required by most 
registration techniques [1]–[3]. This problem can be resolved by the simultaneous 
imaging of PET and SPECT. However, it is difficult to obtain PET/SPECT images in 
simultaneous measurements because the SPECT detectors are unable to discriminate 
between photoelectric absorption events of SPECT tracers and Compton scattering events 
of PET tracers.  
In this study, the prototype of Compton-PET detectors, which consist of the PET 
detector and the Compton camera, was fabricated and performed as the principle proof of 
simultaneous PET/SPECT dual isotope imaging by using 18F and 111In. Furthermore, the 
scintillation properties required for precise measurement of the low energy tracer were 
studied. 
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1.2. Background 
1.2.1. Scintillator 
A scintillator is a material that converts radiation such as X-rays, γ-rays, α-rays, 
β-rays, and neutron rays to a visible photon as shown in Fig. 1-1. Normally, scintillators 
are used along with photodetectors such as photomultiplier tubes (PMT) and silicon 
photodiodes (Si PD). Scintillators have diverse applications such as medical research (e.g. 
X-ray CT, PET, and SPECT), high energy physics, radiation detectors, and so on. The 
history of the discovery of major inorganic scintillator materials since 1945 is shown in 
Fig. 1-2 [4]. In the 1940s, thallium-activated sodium iodide (Tl:NaI) was discovered by 
Hofstadter et. al. [5], [6], and this discovery led to the search for subsequent scintillation 
materials. In the past two decades, considerable progress in the research and development 
of scintillator materials has been achieved due to the need for more accurate measurement 
in calorimetry and high-energy physics. However, there is still a continuing need for new 
scintillator materials that have better properties. 
 
1.2.1.1. Principle of scintillation 
A typical scintillation process is performed by a three-step process as shown in 
Fig. 1-3 and Fig. 1-4. 
Stage 1: Excitation 
When the energy of the incident radiation is absorbed by the ion S, electrons in 
the valence band (VB) and core VB are excited in the exciton band or ionized in the 
conduction band (CB) (Fig. 1-3). The band between the upper edge of VB and the bottom 
of CB is called the forbidden band (FB). The width of the FB is called band gap, and the 
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first excited ion S is called the sensitizers. In insulator crystals, electrons excited in the 
CB quickly go down to the exciton band with non-radiative transition, and the holes move 
to the upper edge of VB so that both are electron-hole pairs (excitons). The exciton moves 
through the crystal by energy transfer. Although the electrons and holes do not move but 
the excited state moves, it can be handled as if the electron-hole pair is moving. Excitons 
become localized excitons when they are trapped by deformation of the surrounding 
photons created by their own electric field, impurity ions, and lattice defects. 
Ionizing radiation produces electron-hole pairs in 10-15–10-13s [7], [8]. In some 
scintillator crystals, due to multistage absorption, the number of generated electron-hole 
pairs varies with recoil electron energy. Due to this phenomenon, the energy resolution of 
gamma-rays in the scintillator decreases. 
Stage 2: Energy transfer 
The energy of the excited or ionized electrons moves to the emission center that 
emits fluorescence. In Fig. 1-3 and Fig. 1-4, the luminescence center A is mainly ion of 
the hosts or ions of the activator co-doped in the host materials. The former scintillator is 
called intrinsic scintillators, and latter is called an extrinsic scintillator. 
Stage 3: Emission 
The excited luminescence center emits fluorescence. Here, the scintillation 
efficiency is defined as the ratio of scintillation light energy to energy loss and is 




𝒇(𝑺 → 𝑨)𝒒𝑨 
(1-1) 
where 𝑊𝑒−ℎ:  the average energy required for incident radiation to make a single 
electron-hole pair, 𝑓(𝑆 → 𝐴): the energy transfer efficiency from the first excited ion to 
the luminescence center, 𝑞𝐴: the quantum efficiency defined by the probability that the 
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excited ions of the luminescent center emit the fuluorescence, and ℎ𝜈𝑎𝑣: the average 
energy of emitted photons. The first term ℎ𝜈𝑎𝑣/𝑊𝑒−ℎ  means energy conversion 
efficiency from electron-hole pair to photon. The nonradiative transition of S reduces the 
second term 𝑓, and the nonradiative transition of A reduces the third term 𝑞𝐴. 
The maximum value of 𝜂 (𝜂𝑚𝑎𝑥 ) is obtained when the efficiency of energy 
transfer is 100% (𝑓 = 1) and the quantum efficiency of luminescence is 100% (𝑞𝐴 = 1). 
The ratio of 𝑊𝑒−ℎ to the band gap energy, which refers to the amount of the band gap 














𝛽 depends on the substance. If the energy conversion efficiency to the electron-
hole pair is large such as semiconductor, 𝛽 is ~3. In general,𝛽becomes 3 or more because 
electrons loses extra energy by lattice vibration. Typically, 𝛽 is ~2.5 for NaI and CsI, ~3 
for Bi4Ge3O12, BaF2, ZnS, and GaP, ~4 for La2O2S, 5.5-6 for Y3Al5O12 and Lu2SiO6, and 
~7 for CaWO4 [9], [10]. Eq. (1-3) means that 𝜂𝑚𝑎𝑥 becomes larger as the energy of 
emitted photons increases or 𝛽  is smaller. In the case of Tl:NaI, since ℎ𝜈𝑎𝑣 =
3.02 eV and 𝐸𝑔 = 5.9 eV , 𝜂𝑚𝑎𝑥  becomes ~20% and 𝛽  becomes ~2.5. The 
experimental value of 𝜂 varies from 13-8% [11], and it is about half of 𝜂𝑚𝑎𝑥. 
The excited emission source returns to the ground state by a nonradioactive 
quenching process or a radiation process. There are many luminescent species and 
mechanisms capable of emitting scintillation light in inorganic materials such as free and 
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bound exciton, activator ions and self-activated scintillator, and core-valence 
luminescence. 
 
1.2.1.2. Important characteristics of scintillator for nuclear medicine imaging 
A practical scintillator is selected by a combination of several characteristics 
depending on the application field [12]. 
Light yield 
Number of photons per unit energy that incident radiation losses at the scintillator 









where 𝝀𝒆𝒎 and ℎ𝜈𝒆𝒎 are, respectively, peak emission wavelength and emitted photon 
energy. 𝒒 is fluorescence quantum efficiency, which is defined as the ratio of the number 
of emitted photons and the number of absorbed photons. 
In general, 𝑵𝒑𝒉 is called a light yield. By dividing 𝜼 by the average energy of 








The maximum value of the light yield (𝑵𝒑𝒉)𝑚𝑎𝑥 is expressed as follows by 
substituting 𝜼𝑚𝑎𝑥 of the eq. (1-3) into 𝜼 of the eq. (1-6): 
(𝑵𝒑𝒉)𝒎𝒂𝒙
= 𝟏/𝑾𝒆−𝒉 = (𝜷𝑬𝒈)
−𝟏
 (1-7) 
The fundamental limit of light output is dominated by the band gap 𝐸𝑔 and the 
experimental value of β. Theoretically β was found to be close to 2.5 (Fig. 1-5[13]). In 
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applications where the particle energy is smaller or fixed such as PET and SPECT, the 
increase in light yield is important to improve accuracy and spatial resolution. 
 
Energy resolution and non-proportionality: 
The fundamental energy resolution limit is mainly determined by Poisson 
statistics on the number of photons detected by the photon detector. In addition to the 
influence due to a statistical fluctuation, the energy resolution of the scintillator is 
described as follows in consideration of the intrinsic fluctuation by the scintillator itself 

























where the first term on the right side of the eq. (1-8) means the statistical fluctuation, the 
second term means the influence of the intrinsic fluctuation in the scintillator, and the 
third term means the noise of the electronics. The second term includes non-
proportionality of scintillation response with respect to energy loss in the scintillator, self-
absorption, statistical fluctuation of energy loss, and scintillator inhomogeneity 
(fluctuation of activator and impurity concentration). The limit of energy resolution is 
determined by statistical fluctuation, and in the case of Gaussian distribution, it is 













  (𝐅𝐖𝐇𝐌) (1-9) 
Fig. 1-6 shows the comparison of the energy resolution obtained with a typical 
scintillator and the eq. (1-9) [13]. In the scintillator having a large light yield, if the 
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 can be reduced so that the 






If there is non-proportionality between the energy of incident radiation and the 
scintillation response, the energy resolution is deteriorated. For example, Ce:LaBr3 has a 
high light output (61,000 photons/MeV) and the best energy resolution for 662 keV -
rays (2.9% full-width half-maximum; FWHM) [14]. 
 Although the non-proportionality of scintillation response depends on the type 
of scintillator, the non-proportionality tends to be similar if crystal structures are similar 
such as pairs of (Tl:NaI, Tl:CsI) and (Ce:Lu2SiO5(Ce:LSO), Ce:Gd2SiO5 (Ce:GSO), 
Ce:Y2SiO5 (Ce:YSO)) (Fig. 1-7) [15]. The mechanism of non-proportionality will be 
described quantitatively below. Consider the case where gamma-rays deposit total energy 
to electrons inside the scintillator by photoelectric absorption. 
(1) If the gamma-ray energy is small, the energy loss per unit length increases and the 
ionization density, i.e., the electron-hole pair density increases. Electrons and holes 
make excitons, which emit fluorescence directly or after being captured at the 
luminescence center, followed by radiative transitions and radiative recombination. 
In this case, as the density of electron-hole pair increases, excitons are more likely to 
be generated and the scintillation efficiency 𝜂 increases. In a scintillator having 
many traps such as impurities and lattice defects, if the density of electron-hole pairs 
is small, the excitons are captured by the trap. However, if the density of electron-
hole pairs is high, the exciton can survive and reach the luminescence center. Increase 
in light yield near the left end of Tl:NaI in the Fig. 1-7 corresponds to this case. By 
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this mechanism, the non-proportionality of Tl:NaI and Tl:CsI in Fig. 1-7 can be 
qualitatively explained. 
(2) In the case that the activator is the luminescence center, if the density electron-hole 
pair is too large compared with the density of luminescence center, some electron-
hole pairs cannot encounter the luminescent center and return to the ground state by 
a non-radiative transition. As a result, contrary to (1), 𝜂 decreases in the low energy 
region. This mechanism can qualitatively explain the non-proportionality of GSO, 
YSO and LSO in Fig. 1-7, which are heavy scintillator crystals. 
 
Detection efficiency:  
In the case of γ-ray, the stopping power is determined by density and atomic 
number. In order to reduce the amount of scintillator material necessary to stop gamma 
rays efficiently, high density and stopping power are important. 
 
Decay time:  
Fast rise and decay times are important for good timing resolution. Both fast 
emission and slow emission occur strictly after excitation. In general, the decay time τ 











)𝜮|< 𝒇|𝝁|𝒊 >|𝟐 (1-10) 
This equation predicts a shortening of the decay time with shortening emission 
wavelength 𝜆𝑒𝑚 and increasing index of reflection 𝑛. The matrix element connecting 
an initial state |𝑖 > with a final state |𝑓 > via the dipole operator 𝜇 will only be of 
appreciable size for transitions between states of different parity. Therefore, for example, 
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transitions between 5d and 4f as in the trivalent lanthanides like Ce3+, Pr3+, and Nd3+ and 
in the divalent lanthanide like Eu2+ are of interest. 
Recently, measurements of time of flight have been proposed to improve the 
spatial resolution of PET scanners. In this type of PET system, the timing performance of 
the scintillator is particularly important to increase the timing resolution. 
 
 
1.2.1.3. Known scintillators and their characteristics 
There are many scintillators depending on the application. Over the past 50 years, 
many new inorganic scintillators have been discovered, and numerous advances have 
been made to understand the basic physical processes of scintillation. The following is an 
example of the current main scintillator [17]. 
 
Tl:NaI 
Sodium iodide activated by thallium (Tl:NaI) has long been the scintillation 
standard due to its high light yield [18]. Since its discovery by Hofstadter et al. in 1948 
[6], Tl:NaI was most widely used until Bi4Ge3O12 was discovered in 1973. Tl:NaI shows 
a good performance, economical price, high luminescence efficiency, very good 
spectroscopic performance and no significant self-absorption of the scintillated light. The 
disadvantage of this material is its fragileness and hygroscopes. In addition, scintillation 
decay of this material is around 230 ns, which is too long for advanced applications. 
 
Tl:CsI 
Cesium iodide activated by thallium (Tl:CsI) is a scintillation material with high 
absorption power and can be used as an efficient -ray absorber. Tl:CsI is soluble in water 
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and slightly hygroscopic like Tl:NaI, but it has high resistance to mechanical and thermal 
shocks. Tl:CsI can be easily fabricated into a wide variety of shapes and geometries. It 
can also be fabricated into detection matrices. The light yield is 50000 ph/MeV, which is 
higher than Tl:NaI [18], [19]. The decay time due to gamma ray excitation is 600 ns (54%) 




Bi4Ge3O12 (BGO) is an intrinsic scintillation material. It was discovered in 1973 
[21] and is used in place of Tl:NaI in various fields. Due to its high effective atomic 
number (Bi=83) and high density (7.13 g/cm3), BGO is an efficient γ-ray absorber with 
high photoeffect fraction, which results in a very good photopeak to Compton ratio. BGO 
detectors are preferred for medium and high-energy gamma counting and high-energy 
physics applications, but the problem is its poor light yield (10-20% of Tl:NaI) [21]. 
Emission and excitation peaks are at 480 nm and 280 nm, respectively, and since there is 





Gadolinium orthosilicate doped with cerium is a fast, high atomic number 
(Gd=64) crystal and can be used for the detection of -ray [22]. It has 56 ns decay time 
and also a high radiation hardness. The possible applications of GSO include computer 
tomography, in which a spatial resolution of less than 1 mm was achieved. It is the most 
promising material for spectrometry and radiometry of gamma-radiation in the low 
energy range (<1 MeV). Ce:GSO single crystal is difficult to produce in large scale 
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because of its strong cleavage and relatively high melting temperature. So, Ce:GSO is 






Lutetium orthosilicates activated by cerium (Ce:LSO) have proved to be an 
excellent scintillation material at present because of their high density (7.4 g/cm3), high 
atomic number (Lu=71), high light output (60% of Tl:NaI), and fast decay time (40 ns) 
[23]. Although the decay time is fast, there is considerable afterglow, i.e., light emitted 
exceeds the decay time, which is deleterious in most imaging applications. Moreover, 
their low energy resolution degrades their high density because of the segregation of Ce 
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1.2.1.1. Newly developed scintillators 
In recent years, several scintillators with high light yield and good energy 
resolution have been newly developed. The scintillation properties of newly developed 
scintillators are shown in Table 1-2. 
 
Ce: Gd3(Ga, Al)5O12(Ce:GGAG) 
Ce:Gd3(Ga, Al)5O12 (Ce:GGAG) crystals have attracted much attention due to 
their promising properties including Ce3+ 5d-4f emission at 520 nm wavelength, high 
density (6.63 g/cm3), high light output (around 56,000 photon/MeV), fast decay time (90 
ns), very low self-radiation, and good energy resolution of 5.2%@662keV [24], [25]. Fig. 
1-8 shows the energy level scheme of multicomponent Ce:(Lu, Gd)3(Ga, Al)5O12 garnet 
scintillator [25]. In Fig. 1-8, adjustment of the Ga content can suppress the influence of a 
shallow electron trap buried in the conduction band edge. The Gd admixture further 
lowers the position of the 5d1 level of Ce
3+ acting on it in an opposite way with respect to 
the Ga admixture, which secures sufficient separation of the 5d1 level from the bottom of 
the conduction band of the host even for Ga-rich compositions. Although the onset of 
thermal quenching/ionization of the Ce3+ center is certainly lower than that of pure 
yttrium aluminum garnet (over 700 K), it is higher than room temperature (see Fig. 1-9) 
and ensures an effective scintillator functioning in room temperature applications. 
 
Newly developed halide scintillators 
The light yield is completely determined by the number of electron-hole pairs 
generated in the ionization track. It can be expressed by the following expression: 





The fundamental limit of light output is dominated by the band gap 𝐸𝑔𝑎𝑝 and the 
experimental value of β. It is known that the halide scintillator emits light at β = 2.5, 
which is smaller than other scintillators. In addition, since the bandgap energy is also 
relatively smaller than other scintillators, there is a tendency to have a high light yield, 
whereby the energy resolution is also excellent. Cerium bromide (CeBr3) and Eu doped 
strontium iodide (Eu:SrI2) have been recently reported to have the highest light yield and 
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Fig. 1-1 Schema of detection of radiation with scintillator 
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Fig. 1-3 Radiation excites the sensitizer S, and electrons are energy transferred to 
the luminescence center A. 
 
 
Fig. 1-4 Energy schematic diagram from excitation to luminescence. An activator is 
assumed for the luminescence center. 
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Fig. 1-5 Light yield of scintillators and band-gap energy [13] 
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Fig. 1-6 Energy resolution at 662 keV gamma-ray as a function of photoelectron 
yield in photomultiplier tubes [13] 
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Fig. 1-7 Non-proportionality curve of the LSO, YSO and GSO (left), and 
Tl:NaI,Tl:CsI and Na:CsI [27], [28] 
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Tl:NaI [18] 410 4450000 230 3.67 
Tl:CsI [18] 565 66000 800 4.51 
BaF
2
 [29] 195, 220 1400 0.8 4.88 
PbWO
4







 [31] 480 9000 300 7.13 
Ce:Gd
2
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Eff. Atomic Number 54 46 49 
Density (g/cm
3






wavelength(nm) 520 380 420 
Light yield 
(photon/MeV) 
56000 66000 87000 
Decay time(ns) 88 19 500~1400
※
 
Hygroscopicity None Strong Strong 
Self radiation None None None 
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1.2.2. Positron Emission Tomography  
Among all molecular imaging modalities, PET has made a significant contribution 
to the evaluation of the physiological function and biochemical changes of molecular 
targets. PET is a technique that measures physiological function by blood flow, 
metabolism, neurotransmitters, and radiolabeled drugs. PET provides a quantitative 
analysis that allows you to monitor relative changes over time as the disease process 
develops or in response to a specific stimulus. The technique is based on the detection of 
radioactivity emitted after injecting a small amount of radioactive tracer into a peripheral 
vein. In surgery using PET scanner, positron emitting radionuclides are used. Positron 
emitting nuclide such as 11C, 13N, 15O, and 18F emits a positron during positive beta decay. 
The most common radioisotopes used in PET are shown in Table 1-3 [32]. The emitted 
positron travels within the tissue for a short distance while receiving Coulomb force from 
surrounding electrons and eventually, interacts with an electron to emit a pair of 
annihilation gamma-ray. By electron-positron annihilations, two 511 keV gamma-ray 
photons are emitted in the opposite direction almost 180 degrees to each other. In PET, 
the distribution of radioactive tracers is measured by detection of two gamma-rays from 
electron-positron annihilation. These gamma-rays are detected when they reach detectors 
(usually consists of scintillators coupled with photodetectors) located in the ring shape. 
The data acquisition system considers events in which two gamma rays have almost the 
same energy and simultaneously hit the detectors as ‘coincidence event’ (Fig. 1-10[33]). 
The line between the two detectors that detects electron-positron annihilation gamma-
rays is called a line of response (LOR). If true annihilation happened along this line, the 
event is called true coincidence. However, if one of the photons is scattered or if photons 
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which are not from the same annihilation make a coincidence hit, a false LOR is formed, 
and the scattered and random coincidences, respectively, appear as seen in Fig. 1-11. 
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Table 1-3 The most common radioisotopes used in PET [32] 
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Fig. 1-11 Different types of coincidence in the PET detectors: (a) True coincidence, 
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1.2.3. Single Photon Emission Computed Tomography (SPECT) 
SPECT is one of the representative nuclear medicine technique like PET. Unlike 
a gamma camera, SPECT is widely used in clinical settings because SPECT can obtain a 
three-dimensional tomographic image. A schematic diagram of the imaging principle of 
SPECT is shown in Fig. 1-12. SPECT consists of a gamma ray detector fitted with a 
collimator. By attaching a collimator to the gamma ray detector, directivity is given to 
each detector so that the detector is rotated, gamma rays are captured from various angles, 
and reconstruction is performed to obtain a tomographic image. This is the same concept 
as CT, which rotates the X-ray detector to the image from various directions and 
reconstructs the image. The difference between SPECT and CT is the use of 
radiopharmaceuticals, and a collimator is necessary for imaging to limit the incident 
direction of gamma-rays. It is possible to image the pharmacokinetics in the body. Since 
directivity is obtained by using a collimator, the energy range where imaging can be 
performed is limited by the thickness of the collimator. Up to 364 keV gamma-rays 
emitted from 131I are effectively used for SPECT [34]. In order to obtain high spatial 
resolution, it is effective to reduce the diameter of the hole of the collimator. However, 
since the incident photon is limited, there is a trade-off in sensitivity and spatial resolution. 
There are four types of collimators as shown in Fig. 1-13 [35]. Among them, the parallel-
hole type is widely implemented in SPECT and is considered as the standard in most 
cases. Pinhole type is a collimator that functions as the lens of a camera but with only one 
hole. The pinhole type is suitable for high-energy photon imaging because the part other 
than the pinhole is for shielding. Radiopharmaceuticals labeled with 99mTc, 123I, 111ln are 
used for SPECT. 
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1.2.4. Problematic of the conventional PET/SPECT camera 
Fig. 1-14 shows the results of simultaneous imaging test using conventional PET 
/ SPECT apparatus. The container is divided into six compartments.18F, which is a tracer 
for PET is located at the bottom left compartment. 111In which is a tracer for SPECT is 
located at the bottom right, and a mixed solution of 18F and 111In is in the upper 
compartment. The rest of the compartments were not used, and PET and SPECT imaging 
test was carried out. As a result, it is possible to image the upper and bottom left containers 
containing 18F in the image measured with PET. On the other hand, in the image captured 
by SPECT, the container filled with 111In and the container filled with18F was shown 
simultaneously. Due to this problem, it is difficult for simultaneous imaging of multi 
tracers with the conventional PET / SPECT apparatus. Fig. 1-15 shows the spectrum of 
111In (top) and spectra of 111In and 18F simultaneous imaging (bottom) measured with the 
detector of SPECT apparatus. In the simultaneous imaging spectrum of Fig. 1-15 (bottom), 
the photoelectric absorption peak of 111In overlaps the Compton scattering of 18F, and the 
peak cannot be discriminated. Thus, this makes it difficult to perform simultaneous 
imaging using the conventional PET / SPECT device. 
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Fig. 1-15 Spectrum of 111In and spectra of 111In and 18F simultaneous imaging 
measured with a detector of SPECT 
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1.2.5. Problems of using PET with lead collimator 
PET with lead collimator can be considered as the simplest method for 
simultaneous imaging (Shown in Fig. 1-16). In this method, the PET event is recognized 
as an event where 511 keV gamma-rays are simultaneously detected by the ring detector. 
The SPECT event is recognized as an event in which the gamma-ray of the energy of the 
SPECT tracer is detected independently. For SPECT tracers, the direction of arrival is 
identified with a lead collimator. However, with this method, 511 keV gamma rays 
emitted from PET tracers are also scattered by the lead collimator. Fig. 1-17 shows the 
relationship between the thickness of lead collimator and photoelectric 
absorption/Compton scattering probability. For example, the lead collimator generally 
used for SPECT has a thickness of 15 mm or more; however, gamma-rays of 511 keV are 
94% scattered at that thickness. From this point of view, PET with a lead collimator type 
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1.2.6. Coded-aperture based imaging 
1.2.6.1. Principle of coded-aperture based imaging 
The coded-aperture technique for radiation detection is rooted in the development of X-
ray and gamma-ray scatter-hole cameras. In the initial studies on coded-aperture, the 
pinhole was randomly distributed on the mask and placed in front of the source to be 
analyzed. The source projects a plurality of overlapping shadows onto the detector via a 
coded-mask as shown in Fig. 1-18 [36]. Fourier convolution theorem is then used to 
reconstruct a single, high-resolution image from the photons counted on the detector 
plane [37]. Since pinholes are randomly distributed, it was necessary to construct a unique 
binary array for each specific application. Due to the lack of uniformity of the pinhole 
distribution, the random pattern mask presents difficulties in image reconstruction. This 
problem was solved by the development of a uniformly redundant array (URA). If the 
distribution of transparent and opaque elements of the aperture can be represented as 
binary coding array A and decoding array G, A and G can be chosen such that the 
reconstructed image approximates the delta function. The delta function is represented by 
a single impulse located at the center point in the signal analysis. In the radiation detector, 
the impulse indicates the position of the reconstructed radiation source [38]. Calculation 
of the possible dimensions of the array is based on a pseudo-noise array, and previous 
studies have documented the implementation of URA-based coded-apertures. URA has 
been experimentally shown to greatly improve SNR compared to randomly distributed 
arrays; longer exposure time improves reconstruction quality. Despite its advantages, the 
algorithm used to construct the URA limits the shape of the opening to a rectangle such 
that vertical and horizontal side dimensions, p and q, must satisfy the condition p − q =
2 [39]. The limit imposed on the physical dimensions of the coded-aperture design based 
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on the URA algorithm led to the development of another class of coded aperture arrays. 
Modified Uniformly Redundant Array (MURA), which has been modified to URA's 
encoding algorithm, made it possible to create new arrays in linear, hexagonal, and square 
configurations [40]. 
1.2.6.2. Coded-aperture based gamma imaging 
Since gamma-rays are emitted in the form of high energy photons, the coded 
apertures are implemented in scintillator-based devices for gamma ray detection and 
localization, as well as pinhole collimators. The main application of coded-aperture based 
gamma-ray detectors in far-field high energy cameras for space exploration formed the 
basis of near-field radiation detection research in medicine. A coded-aperture approach 
for medical applications compared to a pinhole camera collimator was very thoroughly 
investigated by Accorsi [41]. These findings emphasized the advantage of using a coded-
mask instead of a pinhole aperture when considering resolution and sensitivity. However, 
as often cited, the drawback of the coded-aperture approach is its limited field of view 
(FOV). Furthermore, the coded-aperture imager is claimed to perform better than the 
pinhole collimator only when specifying the position of the point source. Originally, due 
to the technology used to locate cosmic rays radiated from the galaxies and supernovae, 
the reconstruction of the point source is relatively easy, but it is difficult to reconstruct a 
spread source. For the above reasons, coded-aperture based gamma imaging has potential 
weaknesses for large scale applications such as PET, SPECT, and other medical imaging. 
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1.2.7. Compton-PET hybrid camera 
1.2.7.1. Principle of Compton camera 
Conventional gamma cameras perform imaging by limiting the incident angle of 
photons reaching the detector using a collimator. On the other hand, the Compton camera 
images the gamma ray source by limiting the angle of incidence of gamma rays using the 
principle of Compton scattering. As shown in Fig. 1-19, the incident gamma ray transmits 
a part of its energy to the electron and scatters at an angle θ with respect to its initial 
direction. All the energy lost by scattering is given as kinetic energy to the secondary 
electrons. Assuming that the initial electrons are free and stationary, according to the 
conservation law of energy and momentum, the relationship between the energy of 
incident gamma rays and the energy applied to electrons is as follows: 
𝑬𝟎 = 𝑬𝒆 + 𝑬𝜸 (1-12) 
Then, the relationship between the scattering angle θ and the energy of the 
scattered photon is expressed by the following equation: 








where 𝐸0 is the energy of the incident gamma-ray, 𝐸𝛾 is the energy of the scattered 
photon, 𝐸𝑒 is the energy of the recoil electron, and 𝑚𝑒𝑐
2 is the rest mass of the electron. 
Therefore, when the system detects the energy of recoil electrons and scattered photons, 
the scattering angle of incident gamma-rays is determined by eq.(1-13). 








The kinetic energy of electron is, 
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𝑲 = 𝑬𝒆 − 𝒎𝒆𝒄
𝟐 = 𝑬𝟎 (𝟏 −
𝒎𝒆𝒄
𝟐
𝒎𝒆𝒄𝟐 + 𝑬𝟎(𝟏 − 𝐜𝐨𝐬𝝎)
) (1-15) 
The cross-section for Compton scattering is known as “Klein-Nishina” formula 


















− 𝐬𝐢𝐧𝟐𝝎) (1-16) 
where 𝒓𝒆 is the classical electron radius. 
In the principle of Compton scattering, since the scattering angle ω is determined 
only by the energy of the incident photon 𝐸0 and the scattered photon 𝐸𝛾, the scattering 
angle 𝝎 can be calculated by the eq.(1-13) by measuring each energy using detectors. 
Since this is an event by the same photon, it is necessary to take coincidence counting in 
each detector. Fig. 1-20 shows a schematic diagram of gamma-ray imaging by Compton 
scattering. It is configured to arrange the scatter in the front stage and the absorber in the 
latter stage. In the Compton camera, imaging is carried out by using an event in which 
the incoming gamma rays are scattered by the scatterer and are totally absorbed by the 
absorber. Specifically, we measure the position and deposited energy at which gamma 
rays are scattered by the scatterer and, the position and energy at which gamma rays are 
totally absorbed by the absorber. From this four information, we can restrict the direction 
of arrival of gamma-rays on the cone where the scattering angle ω is depicted by using 
the formula for the scattering angle of Compton scattering shown below: 




By drawing this cone with multiple incident gamma-rays, it is possible to identify 
that the radioactive tracers accumulate in the place where the cones overlap. 
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1.2.7.2. Uncertainties in angular determination 
The angular resolution of a Compton camera is described in terms of Angular 
Resolution Measure (ARM). ARM is one of the most important parameters to evaluate 
the Compton camera performance. ARM in the Compton camera represents the deviation 
of the angle between the reconstructed Compton Cone 𝝎𝑟  and the actual source 
direction 𝝎𝐸. Assuming that the radiation source position is 𝑟0, the energy and position 
measured by the scatterer are 𝐸𝑠, , and, 𝑟𝑠 , respectively, and the energy and position 
measured by the absorber are 𝐸𝑎 ,and, 𝑟𝑎  respectively, as in Fig. 1-20, ARM is given by 
the following equation: 
𝐜𝐨𝐬𝝎𝒓 =
(𝒓𝒔⃗⃗  ⃗ − 𝒓𝟎⃗⃗⃗⃗ ) ∙ (𝒓𝒂⃗⃗⃗⃗ − 𝒓𝒔⃗⃗  ⃗)
|𝒓𝒔⃗⃗  ⃗ − 𝒓𝟎⃗⃗⃗⃗ | ∙ |𝒓𝒂⃗⃗⃗⃗ − 𝒓𝒔⃗⃗  ⃗|
 (1-18) 








𝑨𝑹𝑴 = 𝜹𝝎𝒕𝒐𝒕 = 𝝎𝒓 − 𝝎𝑬 (1-20) 
The correspondence between angular resolution and spatial resolution is 
expressed by the following equation: 
𝜹?⃗? = 𝐝 ∙ 𝒕𝒂𝒏𝜹𝝎𝒕𝒐𝒕 (1-21) 
where d is the distance between the position of radiation source and scatterer. 
Factors affecting ARM are: 
(1) Contribution due to finite energy resolution 𝛿𝜔𝑒𝑛𝑒 
(2) Contribution due to finite position resolution 𝛿𝜔𝑔𝑒𝑜 
(3) Doppler broadening effect 𝛿𝜔𝑑𝑜𝑝 





𝟐  (1-22) 
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The influence of Doppler broadening effect was analyzed by Compton profile by 
A. Zoglauer et al. in Ref. [42], and the analysis results are shown in Fig. 1-21. The 
influence of the Doppler effect depends on the elements constituting the detector, and the 
best ARM value is around 1 degree. 
 
(1) Contribution due to finite energy resolution𝛿𝜔𝑒𝑛𝑒 
From the eq. (1-17), the influence on the Compton scattering angle due to finite 
energy resolution is calculated as follows: 








Applying error propagation to eq. (1-23), the energy uncertainty contribution to the 



















































(2) Contribution due to Finite Position Resolution 𝛿𝜔𝑔𝑒𝑜 
The contribution due to the finite position resolution of the uncertainties in the 
angular determination is resolved into the contribution by the scatterer and 
contribution by the absorber, and the error decomposition is calculated in the same 
way as in the case of energy decomposition: 




























where 𝑹𝟏 is the distance between the radiation source and scattering position in 
scatterer, 𝑹𝟐 is the distance between the scattering position and absorbed position, 
𝑑𝑥𝑦;𝑠
  and 𝒅𝒙𝒚;𝒂
  are the uncertainties of the position measurement in xy direction at 
scatterer and absorber (= pitch of the detector), and 𝑑𝑧;𝑠
   and 𝒅𝑧;𝒂
  are the 
uncertainties of the position measurement in z direction at scatterer and absorber (= 
thickness of the detector), respectively. 
 
By applying eq. (1-18) -(1-28), it is possible to calculate the theoretical value of 
the spatial resolution when using a conventional scintillator. Fig. 1-22 shows the 
relationship between energy resolution and calculated values of spatial resolution of 
conventional scintillators. For calculation, the following parameters are assumed: 
𝒅𝒙𝒚;𝒔 = 𝒅𝒙𝒚;𝒂 = 𝟏𝐦𝐦 
𝒅𝒛;𝒔 = 𝟏. 𝟓𝐦𝐦,𝒅𝒛;𝒂 = 𝟓𝐦𝐦 
𝑹𝟏 = 𝟏𝟒𝟎𝐦𝐦,𝑹𝟐 = 𝟕𝟎𝐦𝐦 
(1-29) 
In Fig. 1-22, it can be seen that the energy resolution of the scintillator will directly 
affect the spatial resolution of the camera. 
 
1.2.7.3. Compton Camera using semiconductor  
Various types of Compton camera have been developed since the principle of 
Compton camera was first proposed by R. W. TODD et al. in 1974 [43]. In 1993, a 
- 46 - 
Compton camera with a new detector configuration was developed by Michigan 
University's JB Martin et al. [44]. Since the Compton camera that combines a 
semiconductor and a scintillator detector, as implemented by JB. Martin et al. [44], were 
theoretically high in performance optimization, the subsequent Compton camera was 
based on a semiconductor detector. In 1998, the group at the University of Michigan 
created a Compton camera for a nuclear medicine called C-SPRINT [45], [46]. C-
SPRINT consisted of Si drift detector and Tl:NaI and was optimized for low energy 
gamma rays. In recent years, the Si/CdTe Compton camera by the JAXA group boasts 
particularly high performance. Semiconductors Si and CdTe are used for scatterers and 
absorbers, respectively, and a total of 24 layers of the detector were constructed [47]. 
Since the ARM of Compton cameras require both high energy resolution and high 
position resolution, detector configurations that stack semiconductor detectors with high 
energy resolution have potential advantages. On the other hand, the efficiency of the Si / 
CdTe Compton camera was restricted by the low sensitivity of thin Si/CdTe devices (i.e. 
Si: 500 μm, CdTe: 700 μm), especially at energy as high as 662 keV, the efficiency was 
only 0.017% [48]. Due to its low sensitivity, this Compton camera takes about 30 to 60 
minutes to image 511 keV gamma rays from PET nuclides. In addition, in the CdTe 
detector, since a polarization occurs, stable operation cannot be performed for a long time. 
On the other hand, in recent years, many scintillators having high energy 
resolution comparable to semiconductor detectors have been developed. In this research, 
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1.2.7.4. Concept of Compton-PET hybrid camera 
We will outline the Compton-PET hybrid camera, aiming for its development in 
this thesis. The Compton-PET camera has a detector configuration that combines a PET 
and a Compton camera. In the Compton-PET camera developed in this research, we 
arranged the Compton camera in a ring shape as shown in Fig. 1-23. PET imaging is 
performed by coincidence measurement of 511 keV gamma-rays emitted from PET 
tracers with opposing absorbers. We will image the SPECT tracers by imaging the 
gamma-rays coming from SPECT tracers using a Compton camera. By using the principle 
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Fig. 1-20 Schematic of Compton camera 
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Fig. 1-21 Influence of Doppler effect on each atom. ARM by incident energy is 
indicated.[42] 
 
Fig. 1-22 Relationship between energy resolution and calculated values of spatial 
resolution 
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Fig. 1-23 The concept of Compton-PET detector developed in this research 
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1.3. Motivation for this thesis 
This thesis aims at shedding light on several major issues related to the 
simultaneous imaging of PET/SPECT dual isotopes, which are faced by PET/SPECT 
researchers. For resolving these issues, the goal of this thesis is to realize the novel 
molecular imaging and diagnosis technology by using the Compton-PET hybrid camera. 
Toward the achievement of the above goal, the objectives of this thesis are 
summarized as follows: 
• Research of the scintillation properties for using the Compton-PET detector 
• Designing the Compton-PET detector 
• Fabrication of the prototype of Compton-PET hybrid camera detectors and the 
implementation of principle proof of simultaneous imaging of dual radioisotopes 
by using the 18F for PET and 111In for SPECT 
The experimental procedure for achieving the above-mentioned goal is shown 
below: 
✓ At first, the characteristics of the newly developed scintillators coupled with 
various photosensors will be evaluated. 
✓ Second, the design of Compton-PET detectors such as scintillator size, 
scintillator thickness, and readout circuit will be determined. 
✓ Finally, fabrication of one pair of Compton-PET cameras and performing the 
principle proof using 18F and 111In. 
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2. Experimental procedures 
2.1. Photodetectors used in this thesis 
 
2.1.1. Photomultiplier Tube (PMT) 
The basic structure of PMT is shown in Fig. 2-1. The PMT is composed of a 
photocathode corresponding to the entrance surface and an electron multiplier in which 
these are arranged in a step shape. The electrons generated from the cathode are guided 
to the dynode by a high electric field, and then a number of electrons depending on the 
electric field intensity are also generated. Typically, the dynode is connected in 8-10 
stages, and the output from the anode is the product of the gain ‘σi’ at each dynode ‘i’. In 
order to amplify electrons, it is necessary to apply a voltage of about 100 V between each 
dynode, and a high voltage of 1000 V or more is required in total. An electric field is 
formed gradually between the dynodes via a resistor (divider). The dynode structure is 
not unique, and a number of structures according to the application are put into practical 
use. Since electrons need to fly accurately between dynodes, PMTs are weak against 
magnetic fields. The probability that a photon generates electrons at the cathode is defined 
by quantum efficiency (QE). Since the potential barrier of the metal of the cathode is high 
(3 ~ 4eV), the QE of the PMTs is about <20%. 
 
 
2.1.2. Multi-Pixel Photon Counter (MPPC) 
In particle physics, PMT has been used for decades for the detection of light. 
However, PMTs are sensitive to magnetic fields and require high bias voltages to work, 
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which creates high magnetic fields due to voltage transformation and limits the size of 
the detector due to size and power requirement. Thus, its superiority has been declining 
with the improvement and advances of the Multi-Pixel Photon Counters (MPPCs). These 
detectors are based on the silicon-based crystalline semiconductors. Currently, MPPCs 
are widely used in nuclear physics research and in medical diagnostics. 
MPPCs are becoming popular in the medical applications, like positron emission 
tomography (PET), where a good timing resolution is required to obtain a high-resolution 
picture [49] ] and the small sizes allow the creation of compact devices for hospitals.  
Fig. 2-2 shows the schematic image of the MPPC. The MPPC has a structure in 
which many Geiger-mode APDs are arranged in an array. APD is a high speed, high 
sensitivity photodiode that internally amplifies the photocurrent when a reverse voltage 
is applied. When the reverse voltage applied to the APD is set higher than the breakdown 
voltage, the internal electric field increases and a large gain is obtained. Operating the 
APD in this state is called "Geiger mode" operation. When carriers are injected into the 
avalanche layer by incident photons during Geiger mode operation, very large pulses are 
generated. One pixel of the MPPC consists of a Geiger mode APD to which a quenching 
resistance is connected. The sum of the outputs from each Geiger mode APD pixel forms 
an MPPC output and can count photons. 
The photodetector used as a Compton-PET detector must be an array detector. 
Since the light emission from the scintillator is very weak at 105ph/MeV, an MPPC array 
(S13361-3050, Hamamatsu Photonics K.K.) with an amplification factor of 106 was 
used (Fig. 2-3). 
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Fig. 2-1 PMTs of Hamamatsu Photonics K.K. and their internal structure[50] 
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2.2. Measurement setup of the scintillation properties 
 
2.2.1. Measurement setup of the scintillation properties coupled with PMT 
Fig. 2-4 shows the experimental setup of measurement for scintillation properties 
coupled with a PMT. The gamma spectrometry of the tested scintillators was performed 
with PMT (R7600-200, Hamamatsu Photonics K.K.) employing an ultra-bialkali 
photocathode. After being cut to the size of 2.5 ×  2.5 ×  1.5 mm3 and chemically 
polished, each crystal was optically coupled to the photodetector with silicone grease in 
order to improve the light collection. The light yield measurements of Ce:GGAG were 
performed by comparison with help of S8650 Si PD (Hamamatsu). The light yield of 
samples was calibrated with 59.5 keV peak from the 241Am direct irradiation. The light 
yield calibration of the standard sample was performed by direct irradiating 59.5 keV 
gamma-ray from the 241Am to S8650 Si PD (Hamamatsu Photonics K.K.). Such direct 
irradiation generates 59.5 keV/3.65 eV = 16300 electron-hole pairs. After correcting the 
QE, which is around 80% at 520 nm, the total light yield was calculated by the following 
equation, 
Light Yield = (peak channel of a sample)
/(peak channel of 241Am direct irradiation) × 16300/0.8/0.662 
On the other hand, the light yields of Eu:SrI2 and CeBr3 were compared with a 
Tl:NaI standard sample (45000 ph/MeV). The output signal from PMT was fed into a 
preamplifier (113, ORTEC), a shaping amplifier (572A, ORTEC), and then finally 
digitized with a multichannel analyzer (K102, Kromek). The operation bias of the PMT 
was set to be 600 V. The shaping time of 2 μs , 6 μs  and 0.5 μs  was used in the 
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measurement of Ce:GGAG,Eu:SrI2 and CeBr3, respectively. The non-proportionality of 
response to gamma-rays was measured with the radioactive source of 137Cs (32 keV, 662 
keV), 22Na (511 keV), 133Ba (81 keV, 356 keV), 60Co (1173keV, 1332keV), 57Co (122 
keV), and 241Am (60 keV). Decay time was measured by using R7600-200 PMT with a 
digital oscilloscope (TDS2024, Tektronix). A double-exponential fit was performed to 
estimate the decay time components according to the following fitting function: 
𝑨(𝒕) = 𝑨𝟏 𝐞𝐱𝐩(−𝒕/𝝉𝟏) + 𝑨𝟐𝐞𝐱𝐩 (−𝒕/𝝉𝟐) (2-1) 
where 𝐴1, 𝐴2 are the amplitudes of the curves, 𝜏1 and 𝜏2 are the components 















Fig. 2-4 The experimental setup of scintillation properties measurement coupled 
with R7600-200 PMT 
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2.2.2. Measurement setup of the scintillation properties coupled with MPPC array 
Fig. 2-5 shows the experimental setup of measurement for scintillation properties 
coupled with MPPC array. The gamma spectrometry of the tested scintillators was 
performed with MPPC array (S13361-3050, Hamamatsu Photonics K.K.), which uses 
through-silicon via (TSV) to minimize non-sensitive portions around the photosensitive 
area and is a 4-side buttable structure. The number of channels of the MPPC array is 64 
(8 × 8); the effective photosensitive the number of pixels per each channel is 3584 pixels 
and pixel [52]. All samples measured by MPPC were the same as those measured with 
PMT. Each crystal was optically coupled to the MPPC array with silicone grease. The 
output signal from MPPC array was fed into a dedicated circuit described in Fig. 2-6 and 
finally digitized with a multichannel analyzer (K102, Kromek). The shaping time of 
3 μs,6 μs and 0.5 μs was used in the measurement of Ce:GGAG, Eu:SrI2, and CeBr3, 
respectively. The non-proportionality of response and energy resolution to gamma-rays 
was measured with the radioactive source of 22Na (511 keV), 133Ba (31keV, 81 keV, 356 











Fig. 2-5 The experimental setup of scintillation properties measurement coupled 
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2.3. Imaging experiments setup 
2.3.1. Setup of principle proof of multi-tracer imaging 
The experimental procedure for the principle proof of simultaneous imaging of 
multi-tracer will be described. In the imaging test, we used a pair of Compton cameras as 
shown in Fig. 2-7. The pair of Compton camera modules was rotated to 45 degrees so as 
to simulate a ring-shaped Compton-PET detector (Fig. 2-8). In the principle proof, we 
used 18F and 111In in actual clinical practice. Simultaneous imaging of PET tracers and 
SPECT tracers on the same coordinate axis has not been reported so far, and if it is realized, 















Fig. 2-8 Experimental setups for principal proof (PET) 
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2.3.2. Setup of the spatial resolution evaluation 
In addition to the principle proof test, we also evaluated the imaging performance 
of the Compton-PET camera. We separately reconstructed images with PET and Compton 
camera and evaluated each image. For performance evaluation, we measured and 
evaluated 22Na and 133Ba point source independently, respectively. The position of the 
point source was measured at the center of the detector ring. Fig. 2-9 shows the 






Fig. 2-9 Experimental setups for evaluation of the center imaging 
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2.3.3. The definition of spatial resolution 
About the evaluation method, the image reconstruction of the ideal dotted line 
source appears to be spreading in the imaging performance. Fig. 2-10 (left) shows a two-
dimensional image reconstructed at the position where the point source is located. From 
this image, intensity distribution projected in the vertical and horizontal directions was 
created, and the intensity distribution was evaluated by half width at fitting with a normal 





Fig. 2-10 The definition of the spatial resolution 
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2.3.4. The image reconstruction 
For the image reconstruction of the Compton camera, the image was reconstructed 
with the Filtered Back Projection (FBP) method reported previously [53]. All image 
reconstructions were performed with 40 iterations. Image reconstruction of PET was 
performed using Maximum Likelihood Estimation Maximization (ML-EM) method, 
which is the most frequently used technique in current clinical applications such as PET 
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3. Results and Discussions 
3.1. Scintillator selection 
Angular resolution measure is important in designing the Compton camera. The 
angular resolution represents the deviation between the true incident angle and the 
calculated angle. The relationship between angular resolution and position resolution is 
expressed by the following equation: 
𝜹?⃗? = 𝐝 ∙ 𝐭𝐚𝐧𝜹𝝎𝒕𝒐𝒕 (3-1) 
 where the δr is the spatial resolution, d is the position of the radionuclide, and 
δω  is the angular resolution measure. From this equation, degradation of angular 
resolution directly leads to deterioration of spatial resolution. ARM can be expressed by 





𝟐  (3-2) 
ARM is mainly affected by three factors: energy resolution of the detector, position 
indefiniteness due to the size of the scintillator and the photosensor, and the Doppler effect. 
Among them, energy resolution is an important factor in which the angular resolution is 




























Ce:Gd3(Ga, Al)5O12 (Ce:GGAG) crystals attracted much attention due to their 
promising properties including Ce3+ 5d1-4f emission at 520 nm wavelength, high density 
(6.63 g/cm3), high light output (around 56,000 photon/MeV), fast decay time (90 ns), very 
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low self-radiation, and good energy resolution of 5.2% @662 keV [24], [25]. The Gd 
admixture further reduces the position of the 5d1 level of Ce
3+ in the opposite way to the 
Ga admixture, which ensures sufficient separation of the 5d1 level from the bottom of the 
host conduction band with respect to the Ga admixture. 
The light yield is completely determined by the number of electron-hole pairs 





The fundamental limit of light output is dominated by the band gap 𝐸𝑔𝑎𝑝 and the 
experimental value of β. It is known that the halide scintillator emits light at β = 2.5, 
which is smaller than other scintillators. In addition, since the bandgap energy is also 
relatively smaller than other scintillators, there is a tendency to have a high light yield, 
whereby the energy resolution is also excellent. Cerium bromide (CeBr3) and Eu doped 
strontium iodide (Eu:SrI2) are reported in recent years to have the highest light yield and 
excellent energy resolution among all scintillators due to the influence of crystal quality 
improvement. 
According to high energy resolution, the scintillation properties of Ce:GGAG, 
Eu:SrI2 and CeBr3 were evaluated. 
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3.2. Scintillation properties coupled with various detectors 
3.2.1. Measurement results coupled with Photomultiplier Tube 
At first, the decay times for each scintillator were measured using R7600U-200 
PMT with Tektronix TDS 2024C digital oscilloscope. A double-exponential fit was 
performed to estimate the decay time components according to the following fitting 
function: 
𝑨(𝒕) = 𝑨𝟏 𝐞𝐱𝐩(−𝒕/𝝉𝟏) + 𝑨𝟐 𝐞𝐱𝐩(−𝒕/𝝉𝟐) (3-5) 
where 𝐴1 , 𝐴2  are the amplitudes of the curves, and 𝜏1  and 𝜏2  are the 
components of the decay time. Then the intensity of these components was calculated 








The decay curves of each scintillator are shown in Fig. 3-1. Ce:GGAG was 
characterized by two-time components; one fast 𝜏1 of about 150 ns and second slow 𝜏2 
of about 480 ns with intensity 𝐼1  of approximately 95% and intensity 𝐼2  of 5%, 
respectively. In the same way, Eu:SrI2 was characterized by two time components: one 
fast 𝜏1 of about 140 ns and second slow 𝜏2 of about 1400 ns with intensity 𝐼1 of 
approximately only 2% and intensity 𝐼2 of 98%, respectively. CeBr3 was characterized 
by one time component: 𝜏1 of about 19 ns with intensity 𝐼1 of 100%. The decay time 
analysis result was summarized in Table 3-1. 
Secondly, the light yield measurements were performed by the procedures 
described in Table 3-2. The light yield of Ce:GGAG was measured by comparing the 662 
keV peak position in 137Cs scintillation light spectrum with the 59.5 keV peak position in 
241Am spectrum directly detected in the Si PD after crystal removal. The light yields of 
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Eu:SrI2 and CeBr3 were performed by comparison with a Tl:NaI standard sample (45000 
ph/MeV). The light yield results are summarized in Table 3-2. 
Finally, of this section, the studies of energy resolution and non-proportionality of 
response to gamma rays were done using R7600U-200 PMT. The pulse height spectra of 
Ce:GGAG, Eu:SrI2 and CeBr3 irradiated by a multi-point source (
137Cs, 22Na, 60Co, 57Co, 
241Am, and 133Ba) are shown in Fig. 3-2, Fig. 3-3 and Fig. 3-4, respectively. The 
photoelectron absorption peaks of these figures were fitted in a good approximation of 
Gaussian functions. The values of the measured energy resolutions for the samples in 
wide energy range are shown in Fig. 3-5. The best-achieved results are 3.56% and 6.97% 
to the 662 keV and 122 keV for Eu:SrI2 sample, respectively. The non-proportionality of 
response on gamma ray energy for each crystal is presented in Fig. 3-8. Ce:GGAG sample 
showed worse proportionality than Eu:SrI2 and CeBr3 in low energy range. Eu:SrI2 
sample showed the best proportionality of less than ±3% deviation between 31-1332 
keV in the measured samples. 
 
 
3.2.1.1. Discussion of Chapter 3.2.1 
Deterioration of energy resolution when Ce:GGAG is coupled with PMT 
The Ce:GGAG sample was bad in energy resolution (7.59% at 662keV) compared 
to Eu:SrI2 and CeBr3 due to the bad matching between emission wavelength of Ce:GGAG 
and QE of PMT (Fig. 3-6) [54]. Since the QE of the APD is more matched than QE of 
PMT, the energy resolution of Ce:GGAG with APD was 5.1% at 662 keV (Fig. 3-7) [55]. 
 
Deterioration of output linearity of CeBr3 in high energy region coupled with PMT 
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In the high energy range, the CeBr3 sample showed lower light output than ideal 
output. It is because the output current of R7600U-200 PMT coupled with CeBr3 
irradiated with over 1173 keV exceeds the range of the pulse linearity of R7600U-200 
PMT. The output current of R7600U-200 PMT coupled with CeBr3 irradiated with 662 
keV was around 120 mA, which was calculated by the peak top voltage 720 mV of Fig. 
3-1 divided by the terminating resistance of 50 Ohm. The pulse linearity with ± 5% 
deviation of R7600U-200 is 220 mA [54]. The scintillation properties of Ce:GGAG, 
Eu:SrI2 and CeBr3 samples are summarized in Table 3-3. 
 
3.2.1.2. Summary of Chapter3.2.1 
In this chapter, the scintillation properties of the Ce:GGAG, Eu:SrI2 and CeBr3 coupled 
with PMT were evaluated. The summary of the scintillation properties of each scintillator 
is shown in Table 3-3. 
  




Fig. 3-1 The scintillation decay curve of scintillator samples irradiated with 662 
keV gammra-ray 
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Table 3-1 Decay time of Ce:GGAG, Eu:SrI2 and CeBr3 scintillator samples 
Scintillator materials 
Decay time (ns) 




150 ns (95%) 
140 ns (2%) 
19 ns (100%) 
480 ns (5%) 





Table 3-2Light yield of Ce:GGAG, Eu:SrI2 and CeBr3 scintillator samples 
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Fig. 3-2 Pulse height spectra of 137Cs, 60Co, 22Na, 133Ba, 57Co and 241Am source 
measured with Ce:GGAG coupled with R7600U-200 PMT 
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Fig. 3-3 Pulse height spectra of 137Cs, 60Co, 22Na, 133Ba, 57Co and 241Am source 
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Fig. 3-4 Pulse height spectra of 137Cs, 60Co, 22Na, 133Ba, 57Co and 241Am source 








Fig. 3-5 The values of measured energy resolution for Ce:GGAG, Eu:SrI2 and 
CeBr3 samples coupled with R7600-200 in wide energy range 
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Fig. 3-6 Relation between the emission wavelength of scintillators and quantum 
efficiency of PMT [54] 
 
  




Fig. 3-7 Energy spectrum of Ce:GGAG coupled with APD [55] 




Fig. 3-8 The non-proportionality of response on gamma ray energy for Ce:GGAG, 
Eu:SrI2 and CeBr3 scintillator samples 
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3.2.2. Measurement results coupled with MPPC array 
At the beginning of this chapter, the study of energy resolution was done using 
S13361-3050 MPPC array. The pulse height spectra for Ce:GGAG, Eu:SrI2 and CeBr3 
irradiated by a multi-point source (22Na, 133Ba, 57Co, and 241Am) are shown in Fig. 3-9, 
Fig. 3-10, and Fig. 3-11, respectively. The values of the measured energy resolutions for 
the samples in wide energy range are shown in Fig. 3-12. The best achieved result is 
11.1% FWHM to the 122 keV for Eu:SrI2 sample. The CeBr3 sample was bad in energy 
resolution (27.3% at 122 keV) compared to Eu:SrI2 and Ce:GGAG (Table 3-4).  
Next, the linearity of the output voltage with respect to the energy of incident 
gamma-rays was evaluated. The schematic image of the MPPC is shown in Fig. 3-13. The 
MPPC has a structure in which many Geiger-mode APDs are arranged in an array. When 
multiple photons enter one of the cells within MPPC simultaneously, the MPPC reacts 
that only one photon has entered the cell. Therefore, MPPC has a characteristic that the 
linearity of MPPC output deteriorates as the number of incident photons increases. Fig. 
3-14 shows the linearity of the output voltage with respect to the energy when normalized 
with 31 keV gamma-ray output. This result shows that the output linearity of CeBr3 
deteriorates in the high energy region compared to Ce:GGAG and Eu:SrI2. 
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3.2.2.1. Discussion of Chapter 3.2.2 
Deterioration of output linearity and energy resolution when CeBr3 is coupled with 
MPPC array 
There are two reasons the output linearity and energy resolution deteriorated when 
CeBr3 is coupled with MPPC array. 
1. The recovery time of MPPC array 
Fig. 3-15 shows the waveform of CeBr3 irradiated by 662 keV gamma-ray 
(top); for example, waveforms of a measurement with a 25 × 25 μm2pixel 
size MPPC (middle) and recovery time for the MPPCs at a different bias 
voltage (bottom). The MPPC array used in this research is an MPPC 
surrounded by a red frame as shown in Fig. 3-15 (bottom). In Fig. 3-15, the 
recovery time constant of S10362-11-050U was 11.0 ns, which is the same 
timescale as the decay time of CeBr3. It is suggested that the same timescale 
of recovery time of the MPPC and decay time of CeBr3 is the cause of 
deterioration of output linearity and energy resolution. 
2. Mismatch between MPPC PDE and emission wavelength of CeBr3 
Fig. 3-16 shows the relation between the emission wavelength of incident 
photon and PDE of S13361-3050 MPPC array. The emission wavelength of 
the scintillator used for the experiments is also shown in the same figure (Fig. 
3-16). Fig. 3-16 shows that the PDE at the wavelength of around 370 nm is 
less than 35%. It is the second reason why the output linearity and energy 
resolution of CeBr3 deteriorated when coupled with MPPC array. 
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In recent years, ZnSe-based organic-inorganic hybrid UV-APDs, which achieve a 
high sensitivity of over 3 A/W at ultraviolet region (~ 300 nm) have been reported (Fig. 
3-17) [56]. These UV-APDs can be a candidate for photosensor of Compton-PET detector. 
However, the maximum multiplication factor of 45 was reported in [56], and it is lower 
than the gain of MPPC (~106). There is a strong motivation for future research on gain 
increasing of UV-APDs. 
In addition, Fig. 3-18 shows a simple circuit diagram for one microcell of MPPC. 
In Fig. 3-18, Cj is the junction capacitance, Cq and Rq are quenching capacitances and 
resistances, Cpand Rp are trace capacitance and resistance, respectively. The recovery 
time τrec is a function of Cj and Rq. 
𝝉𝒓𝒆𝒄 = 𝑪𝒋 × 𝑹𝒒 (3-7) 
In order to obtain fast recovery time, these parameters must be uniform for each 
microcell and the junction capacitance must be small. 
As alternative photosensors for MPPC, Si APD is one of the most widely used 
photosensors. In this discussion, CeBr3 was optically coupled with S8664-1010 Si APD 
(Hamamatsu Photonics), and energy resolution was measured. As a result, an energy 
resolution of 4.2% (FWHM) at 662 keV was obtained (Fig. 3-19). This is similar to the 
energy resolution obtained when coupled with PMT. However, at the energy of 59.5 keV, 
an energy resolution of 20.2% (FWHM), which is worse than that obtained when coupled 
with PMT, was obtained. This is because the signal-to-noise ratio in the low energy region 
deteriorates due to the low gain of the APD. Furthermore, since the charge sensitive 
amplifier was used to read the APD signal, timing characteristics should deteriorate. From 
the reasons described above, detectors using APD were not developed in this research. 
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Timing properties of scintillator required for PET system 
In PET measurement, if the decay time of the scintillator is long, it may become 
impossible to measure the data due to piling up of output signals under high counting rate 
environment. In order to investigate the influence of the decay time of the scintillator on 
the PET device, the counting rate characteristic was evaluated using a PET device 
developed in my previous research [57]. As a result, a sensitivity of typical counting rate 
of developed small PET scanner was ~1.0%. In usual PET examination, 18F of about 300 
MBq is injected into the patient's body. Since the system consists of 1000 ch pixel 
detectors, the count rate of each pixel is expressed as follows: 
𝟑𝟎𝟎𝐌𝐁𝐪 × 𝟎. 𝟎𝟏𝟑 = 𝟑. 𝟗𝐌𝐜𝐩𝐬/𝐬𝐲𝐬𝐭𝐞𝐦 (3-8) 
𝟑. 𝟗𝐌𝐁𝐪/𝟏𝟎𝟎𝟎𝐜𝐡/𝐬𝐲𝐬𝐭𝐞𝐦 = 𝟑. 𝟗𝐤𝐜𝐩𝐬/𝐜𝐡 (3-9) 
Therefore, the gamma-ray is incident on each pixel of the detector at a frequency 
of 250 μs. In order to suppress the pile-up of the signal to less than 1% while considering 
the random incidence of radiation, the time until luminescence completely attenuated 
needs to be less than 2.5 μs. Fig. 3-1 shows that it takes about ~ 5 μs until the decay 
curve of Eu:SrI2 to be completely attenuated. From the viewpoint of suppressing the pile-
up of the waveform, Eu:SrI2 has a potential disadvantage for PET application. 
 
Influence of difference in refractive indices of scintillators on transmittance and 
total reflection angle 
The refractive indices of Ce:GGAG, Eu:SrI2 and CeBr3 are 1.87 [24], 2.05 [58] 
and 2.09 [59], respectively. These scintillators were optically coupled with MPPC array 
by using OKEN 6262A optical grease. The refractive index of OKEN 6262A is 1.453. 
The theoretical limits of the transmittance 𝑇𝑠 of each scintillator were calculated by 
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using the refractive index data of each scintillator, assuming multiple bouncing between 












Table 3-5 shows the refractive index, numerical result of transmittance, and total 
reflection angle. As the result, the transmittances of Ce:GGAG, Eu:SrI2 and CeBr3 were 
98.4%, 97.1%, and 96.8%, respectively. The difference in the refractive index of each 
scintillator is within 2%, and there is no influence on the characteristics. 
 
3.2.2.2. Summary of Chapter3.2.2 
In this chapter, the scintillation properties of Ce:GGAG, Eu:SrI2 and CeBr3 
coupled with MPPC array were evaluated. The summary of the scintillation properties of 
each scintillator is shown in Table 3-6. 
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Fig. 3-9 Pulse height spectra of 22Na, 133Ba, 57Co and 241Am source measured with 
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Fig. 3-10 Pulse height spectra of 22Na, 133Ba, 57Co and 241Am source measured with 
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Fig. 3-11 Pulse height spectra of 22Na, 133Ba, 57Co and 241Am source measured with 
CeBr3 coupled with S13361-3050 MPPC array 
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Fig. 3-12 The values of measured energy resolution for theCe:GGAG,Eu:SrI2 and 
CeBr3 samples coupled with S13361-3050 array in wide energy range 
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Table 3-4 Energy resolution of Ce:GGAG, Eu:SrI2 and CeBr3 scintillator samples 
coupled with S13361-3050 MPPC array 
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Fig. 3-13 The schematic image of the MPPC [51] 
 
  
- 94 - 
 
Fig. 3-14 The output linearity of MPPC array coupled with Ce:GGAG, Eu:SrI2 
and CeBr3 scintillator samples 
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Fig. 3-15 Scintillation decay curve of CeBr3 sample (top) and example waveforms 
of a measurement with a 25 × 25 𝛍𝐦𝟐 pixel size MPPC from Hamamatsu operated 
at 𝐕𝐨𝐯𝐞𝐫 = 𝟏 𝐕 (middle) and recovery time for the tested MPPCs operated at 
different bias voltages (bottom) [60] 
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Fig. 3-16 Relation between the emission wavelength of scintillators and photon 
detection efficiency (PDE) of S13361-3050 MPPC array [52] 
 
Fig. 3-17 Sensitivity spectra in APD operation bias region of ZnSSe based hybrid 
APD [56] 
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Fig. 3-18 A simple circuit diagram for one microcell of MPPC [61] 
 
 
Fig. 3-19 An energy spectrum of CeBr3 coupled with Si APD irradiated by 137Cs 
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Fig. 3-20 An energy spectrum of CeBr3 coupled with Si APD irradiated by 241Am 
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Table 3-5 Refractive index, theoretical limit of transmittance and total reflection 
angle 
 Ce:GGAG Eu:SrI2 CeBr3 
Refractive index 1.87 2.05 2.09 
Theoretical limit 𝑇𝑠 98.4% 97.1% 96.8% 





Table 3-6 Scintillation properties of the Ce:GGAG, Eu:SrI2 and CeBr3 coupled 
with various photodetectors 
 Coupled with PMT Coupled with MPPC 
Energy Resolution 
@ 122 keV 
16.7 6.97 10.2 14.9 11.1 27.3 
Light Output 
(photon/MeV) 
56000 71000 72000 56000 71000 72000 
Decay time (ns) 150 1400 19 150 1400 19 
Density (g/cm
3
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3.3. Designing the Compton-PET detector 
At first, the scintillator of Compton-PET prototype for principle proof was 
selected. Chapter 3.2 showed that output linearity and energy resolution deteriorated 
when CeBr3 was coupled with MPPC array and Eu:SrI2 has a potential disadvantage for 
PET application because of its slow decay time. Furthermore, Ce:GGAG scintillator was 
used as the scintillator for a prototype of Compton-PET detector because it has been used 
in my past research [62], [63].  
Next, the thickness of Ce:GGAG was determined by using the calculation of the 
Compton scattering and photoelectric absorption probability. Fig. 3-21 shows the mass 
absorption coefficient with respect to the energy of incident gamma rays. Calculating the 
scattering probability of gamma rays with respect to the thickness of the Ce:GGAG from 
the mass absorption coefficient is shown in Fig. 3-22. Fig. 3-22 shows the scattering 
probability of 150 keV and 511 keV gamma-ray against the thickness of the Ce:GGAG 
scintillator. In the Compton-PET detector, gamma-rays from SPECT tracers are imaged 
using a Compton camera, so gamma rays need to be efficiently scattered by scatterer. On 
the other hand, since PET imaging utilizes the events of absorbers arranged in opposition 
to each other, it is necessary to prevent interaction of PET tracers with scatterer. From 
these conditions, as shown in Fig. 3-22, we decided a thickness of 1.5 mm as the scatterer 
thickness at which 150 keV gamma ray is scattered by 10% or more and the interaction 
with 511 keV gamma ray is less than 10%. In the same way, we determined the thickness 
of the absorber to be 10 mm such that photoelectric absorption probability of more than 
10% was achieved in 511 keV gamma-ray (Fig. 3-23). 
Ce:GGAG was cut to the designed thickness and chemically polished after 
optically adhered directly to the MPPC array. Fig. 3-24 shows the Ce:GGAG array 
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fabrication process. Barium sulfate was used as a reflective material to suppress crosstalk 
of light between pixels. Teflon tape was used for the reflective material on the gamma ray 
incident surface. 
Next, we designed the electric circuit that processes the signal from the MPPC 
array. For imaging detectors, it is necessary to process signals of multiple channels. Time 
over Threshold (ToT) measurement systems has several advantages over conventional 
pulse height measurement systems based on analog to digital converters (ADC). In signal 
processing in radiation measurement, after converting gamma ray energy information into 
voltage information, the voltage signal is digitized by ADC. In the ToT method, since the 
voltage information can be digitized without using an ADC, circuit simplification 
becomes possible. On the other hand, the ToT method has a problem as the relationship 
between the voltage value and time width is not linear. Therefore, I focused on the 
dynamic ToT (dToT) method in this research. The concept of dToT is reported by K. 
Shimazoe and H. Takahashi et al. [64]. The dToT method compares the input signal to a 
dynamically changing threshold level (Fig. 3-25). K. Shimazeo and H. Takahashi showed 
that the dToT method can improve linearity, achieves a wide dynamic range, and also 
shortens pulse width in [64]. In this thesis, the electric circuit using dToT method is 
designed (Fig. 3-26). The important parameters of the designed circuit have been 
determined via experiments. 
At first, the time constant of shaping amp was optimized. The results of measuring 
the energy resolution of the Ce:GGAG scintillator while changing the circuit time 
constant are shown in Fig. 3-28. The best energy resolution of 14.9% irradiated by 122 
keV was obtained with the shaping time constant of 3.0 us. Next, dToT circuit parameters 
were optimized by calculation. The following two parameters were changed: delay time 
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indicated by R3 ×  C3 in Fig. 3-27, and rise time indicated by R5 ×  C5. Fig. 3-29 and 
Fig. 3-30 show the example of the time constant optimization calculation. The changes in 
dToT width with changes in the amplitude of shaping amplifier were recorded, and the 
relationship between the amplitude and the dToT width was plotted (Fig. 3-30). The 
linearity was evaluated with residual sum of squares and correlation factor (Fig. 3-31). 
The time constants of the pair of R3 ×  C3 and R5 ×  C5 that achieved the most linear 
output are as follows: 
R3 × C3 = 1.8μs 
R5 × C5 = 0.4μs 
Finally, the prototype detectors using Ce:GGAG array, MPPC array, and dedicated 
dToT electric circuit were fabricated (Fig. 3-32). The 63ch of 64ch prototype detector was 
operated normally. The average energy resolution of Compton-PET prototype detector 
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Fig. 3-21 Mass absorption coefficient of Ce:GGAG 
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Fig. 3-22 Relationship between scattering probability and scatterer thickness 
 
Fig. 3-23 Relationship between photoelectric absorption probability and absorber 
thickness 
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Fig. 3-25 Concept of the dynamic ToT method [64] 
 




Fig. 3-26 The dToT electric circuit designed for this thesis 
 
 
Fig. 3-27 dToT signal waveforms 
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Fig. 3-30 An example of linearity analysis between dToT width and pulse height 
 
- 109 - 
 
 





Fig. 3-32 The fabricated Compton-PET detector prototype (left), Ce:GGAG array 
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Fig. 3-33 Design drawing of the scatterer and absorber detector 
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Fig. 3-34 The energy spectra of Compton-PET detector prototype (scatterer) 
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3.4. Fabrication and principle proof of the prototype Compton-PET 
hybrid camera 
 
3.4.1. Principle proof of simultaneous imaging of 18F and 111In 
Principle verification test of multi-tracer simultaneous imaging was carried out. 
To verify the principle, 111In and 18F were used. Simultaneous imaging test was carried 
out by placing 111In and 18F in a 10 ml syringe. The radioactivity was adjusted to be about 
1 MBq, and the 18F and 111In were placed in the arrangement shown in Fig. 3-35. 
Simultaneous measurement and analysis results of PET are shown in Fig. 3-36. 
As a result, visualization of only 18F without being influenced by 111In placed sideways 
was successfully performed. 
Next, simultaneous measurement and analysis results of Compton camera are 
shown in Fig. 3-37 - Fig. 3-41. For 111In imaging, the 245 keV gamma-rays were 
reconstructed. Fig. 3-39 shows the 2-D energy spectra, and Fig. 3-40 shows the energy 
spectrum of energy sum of the scatterer and absorber after coincidence with timing 
window of 200 ns. The red, orange and yellow dotted rectangles are the region using 511 
keV, 245 keV, and 171 keV reconstruction, respectively. In this study, image 
reconstruction was performed using FBP and ML-EM method in Compton camera and 
PET measurements, respectively, and the performance in each case was evaluated. The 
results of reconstruction by extracting only the 245 keV (511 keV) energy event of 111In 
and 22Na are shown in Fig. 3-41 right and left, respectively. From these results, we 
succeeded in independently displaying 111In and 18F by separating energy from data 
obtained by simultaneous imaging of multi tracers. 
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3.4.2. Imaging performance of Compton-PET detector 
The spatial resolution of the detector was evaluated by independently performing 
image reconstruction with a point source. 133Ba and 22Na were used as point radiation 
source. Measurement results of spatial resolution with PET are shown in Fig. 3-43. The 
intensity distribution projected in the vertical and horizontal directions was fitted with 
Gaussian function, and the position resolution was calculated. The spatial resolution of 
2.6 mm for horizontal and 2.6 mm for vertical direction was obtained (Fig. 3-44).  
Next, the measurement results of spatial resolution with Compton are shown in 
Fig. 3-45 and Fig. 3-47. The intensity distribution projected in the vertical and horizontal 
direction was fitted with Gaussian function, and the position resolution was calculated. 
The spatial resolution of 14.7 mm for horizontal and 15.3mm for vertical direction was 
obtained by using 133Ba. Similarly, the spatial resolution of 12.0 mm for horizontal and 
13.5 mm for vertical direction was obtained by using 22Na. 
 
3.4.1. Discussion of Chapter 3.4 
3.4.1.1. The measurement and calculation results of the spatial resolution of 
Compton camera 
As described in chapter 3.1, the correspondence between angular resolution and 
spatial resolution is expressed by the following equation: 
𝜹?⃗? = 𝐝 ∙ 𝐭𝐚𝐧𝜹𝝎𝒕𝒐𝒕 (3-12) 
 where the δr  is the spatial resolution, d is the position of the radionuclide and 
𝛿𝝎 is the angular resolution measure. ARM can be expressed by the formula shown as 
follows: 





𝟐  (3-13) 
From the eq. (1-17), the influence of the Compton scattering angle due to finite 
energy resolution is calculated as follows: 








Applying error propagation to eq. (3-14), the energy uncertainty contribution to 


















































The contribution due to the finite position resolution of the uncertainties in the 
angular determination is resolved into the contribution by the scatterer and contribution 
by the absorber, and the error decomposition is calculated in the same way as in the case 
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Using this equation, the calculated spatial resolution was shown in Fig. 3-49 along 
with measurement spatial resolution. The value of measurement result of spatial 
resolution matched with calculation value. 
3.4.1.2. Discussion about the lower energy tracer imaging 
111In emits 171 keV gamma ray simultaneously with 245 keV gamma ray used for 
principle verification. Fig. 3-50 shows the disintegration scheme of 111In. Reconstructed 
image using 171 keV gamma-ray is shown in Fig. 3-51. In this figure, the image using 
171 keV is blurred than the reconstruction image of 245 keV. This is due to the fact that 
the lower threshold energy of the prototype detector fabricated in this research is 20 keV. 
Fig. 3-52 shows the relationship between scattering angle and scattering energy for each 
incident energy, and the area filled with yellow is the range for the prototype detector. 
From Fig. 3-52, the energy range of only 20 keV–30 keV was available for reconstruction 
of 171 keV gamma-ray event. Fig. 3-53 shows the energy spectrum of (Es + Ea) of various 
energy ranges of the scatterer (Es). For expanding the energy range, the detection of lower-
energy gamma-ray than 20 keV was required. For detection of lower-energy gamma-ray, 
the scintillator that has a high light yield is preferable. 
 
3.4.1.3. Timing analysis 
Fig. 3-54 shows the timing histogram of the prototype detector measured with 
111In and 18F. The number of events changing the time width of coincidence such as 100 
ns, 200 ns, 500 ns, 1000 ns, and 2000 ns was obtained. Fig. 3-55 shows the relationship 
between the coincidence window and event counts. This result suggests that the 
scintillator with fast decay time has advantages for obtaining true counts. 
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Fig. 3-37 Energy spectra of scatterer irradiated by 18F and 111In 
 
Fig. 3-38 An example of energy spectrum of scatterer irradiated by 18F and 111In 
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Fig. 3-39 2-D energy spectra of the Compton camera.  
(Red dotted rectangle) Region using 511 keV gamma-ray reconstruction,  
(Orange dotted rectangle) Region using 245 keV gamma-ray reconstruction,  
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Fig. 3-40 The energy spectrum of (Escatterer + Eabsorber) after coincidence with timing 
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Fig. 3-42 The experimental setup of imaging performance of point source 
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Fig. 3-43 The PET imaging result of 22Na point source 
 
Fig. 3-44 Intensity distribution projected in the vertical and horizontal directions 
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Fig. 3-45 The Compton camera imaging result of 133Ba point source 
 
 
Fig. 3-46 Intensity distribution projected in the vertical direction and horizontal 
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Fig. 3-47 The Compton camera imaging result of 22Na point source 
 
Fig. 3-48 Intensity distribution projected in the vertical direction and horizontal 
direction of Compton camera image of 22Na 
133
Na 
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Fig. 3-52 Relationship between scattering energy of gamma ray and scattering 
angle in scatterer 
 
Fig. 3-53 The energy spectrum of (Es + Ea) of (a) 𝟐𝟎 𝐤𝐞𝐕 < 𝐄𝐬 < 𝟐𝟎𝟎 𝒌𝒆𝑽, (b) 
𝟐𝟎 𝐤𝐞𝐕 < 𝐄𝐬 < 𝟔𝟎 𝒌𝒆𝑽, and (c) 𝟐𝟎 𝐤𝐞𝐕 < 𝐄𝐬 < 𝟑𝟎 𝒌𝒆𝑽 
(a) (b) 
(c) 
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Fig. 3-54 The coincidence event distribution 
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4. Conclusion 
In this thesis, for the motivation of realization of the novel molecular imaging and 
diagnosis technology by using the Compton-PET hybrid camera and its simultaneous dual 
isotope imaging, I studied for the following objectives: 
• Research of the scintillation properties for using the Compton-PET detector 
• Designing the Compton-PET detector 
• Fabrication of the prototype of Compton-PET hybrid camera detectors and 
implementation of principle proof of simultaneous imaging of dual 
radioisotopes by using 18F for PET and 111In for SPECT 
Based on the objectives described above, the main results of this thesis are 
summarized as follows: 
1. The scintillation properties of Ce:GGAG, Eu:SrI2 and CeBr3 coupled 
with various photodetectors were evaluated. The scintillation properties 
of each scintillator are shown in Table 4-1. 
2. The prototype of Compton-PET detector using Ce:GGAG scintillator 
array was designed. Dedicated dynamic-ToT circuit for Compton-PET 
detector was designed and developed. 
3. An average energy resolution of 𝟏𝟓. 𝟓% ±  𝟏. 𝟑%  was obtained by 
irradiation with 122 keV gamma-ray from 57Co. 
4. The prototype of Compton-PET detector was fabricated and successfully 
performed as the principle proof by using 18F for PET and 111In for 
SPECT. 
5. The spatial resolution as shown in Table 4-2 was obtained. The value of 
measurement result of spatial resolution matched with calculation value. 
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6. For measuring the lower energy tracer precisely, high light yield and fast 
decay time scintillator such as CeBr3 is required. 
 
 
Table 4-1 Scintillation properties of the Ce:GGAG, Eu:SrI2 and CeBr3 coupled 
with various photodetectors 
 Coupled with PMT Coupled with MPPC 
 Ce:GGAG Eu:SrI2 CeBr3 Ce:GGAG Eu:SrI2 CeBr3 
Energy Resolution 
@ 122 keV 
16.7 6.97 10.2 14.9 11.1 27.3 
Light Yield 
(photon/MeV) 
56000 71000 72000 56000 71000 72000 
Decay time (ns) 150 1400 19 150 1400 19 
Density (g/cm
3




Table 4-2 The spatial resolution of PET study and Compton camera study 
 PET (22Na) Compton camera (133Ba / 22Na) 
Horizontal 2.6 14.7 12.0 
Vertical 2.6 15.3 13.5 
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